Computational cardiac mechanical models, individualized to the patient, have the potential to elucidate the fundamentals of cardiac (patho-)physiology, enable non-invasive quantification of clinically significant metrics (e.g. stiffness, active contraction, work), and anticipate the potential efficacy of therapeutic cardiovascular intervention. In a clinical setting, however, the available imaging resolution is often limited, which limits cardiac models to focus on the ventricles, without including the atria, valves and proximal arteries and veins. In such models, the absence of surrounding structures needs to be accounted for by imposing realistic kinematic boundary conditions, which, for prognostic purposes, are preferably generic and thus non-image derived. Unfortunately, the literature on cardiac models shows no consistent approach to kinematically constrain the myocardium. The impact of different approaches (e.g. fully constrained base, constrained epi-ring) on the predictive capacity of cardiac mechanical models has not been thoroughly studied. For that reason, this study first gives an overview of current approaches to kinematically constrain (bi) ventricular models. Next, we developed a patient-specific in silico biventricular model that compares well with literature and in vivo recorded strains. Alternative constraints are introduced to assess the influence of commonly used mechanical boundary conditions on both the predicted global functional behavior of the in-silico heart (cavity volumes, stroke volume, ejection fraction) and local strain distributions. Meaningful differences in global functioning were found between different mechanical anchoring strategies, which brought forward the importance of selecting appropriate boundary conditions for biventricular models that, in the near future, may inform clinical intervention. However, whilst statistically significant differences were also found in local strain distributions, these differences were minor and mostly confined to the region close to the applied boundary conditions.
Introduction
Cardiac computational models are gaining interest in the clinical community as a tool to better understand cardiac function and to investigate new therapies. Patient-specific biophysical models of cardiac behavior have proven competent in elucidating the fundamentals of cardiac (patho)physiology. Recently, computational models have been used to help clinicians diagnose, to evaluate drug effects, to gain better insight on risk-benefit ratios and to predict the outcome of different treatment strategies [1] [2] [3] [4] [5] [6] [7] [8] [9] [10] [11] [12] . Even though full four-chamber heart models [13] are the most comprehensive, the application of such models in the clinical environment is challenging because the available imaging data resolution is often insufficient to accurately segment the atrial wall, which is typically an order of magnitude thinner than the ventricular wall. Moreover, the development and This article is protected by copyright. All rights reserved.
calibration of these models also demands more, typically unavailable, sources of clinical data (i.e. pressure catheter measurements, strain imaging, MRI diffusion tensor imaging, etc.). However, it is increasingly feasible to construct patient-specific biventricular models from clinical data, where the computational domain is truncated at the base and thus limited to the left and right ventricle (LV and RV). Despite the absence of surrounding tissue (e.g. atria, valves, proximal arteries), these models are of clinical relevance and the influence of the absent surrounding structures on the modeled ventricles is accounted for by imposing kinematic boundary conditions (BCs). In order to incorporate the influence of external tissues and organs tethering and constraining the movement of these ventricles, one could directly prescribe displacements inferred from the image sequence as time-dependent Dirichlet BCs [14] , but this approach would have a limited predictive character. Therefore, the choice to use more generic BCs is often pursued. Whereas flow and pressure BCs associated with truncations in the fluid domain have already been studied extensively, boundary conditions in the solid domain remain relatively uninvestigated. Consequently, a wide variety of strategies to mechanically anchor these ventricular models exist in the literature. Even though Niederer et al. [15] showed that the use of different anchoring strategies on a failing heart model has an influence on the predicted behavior, the appropriateness of such generic BCs remains insufficiently studied.
This study reviews the current diversity in kinematic boundary conditions found in literature and consequently presents a patient-specific biventricular (BV) model based on 4D Tagged MR image data (4DTMRI), which will be used to systematically investigate the role of a subset of current boundary conditions on the modeled ventricular behavior at a global and local scale. In vivo measured strains are used as a reference to quantify and determine the more appropriate BCs to be used for ventricular modeling.
Currently used generic kinematic constraints
Despite the wide range of (bi) ventricular modeling studies found in literature, no consistent approach in incorporating the effect of external tissue support into these models could be found (we considered a non-exhaustive subset of (bi) ventricular modeling studies (published over the last decade) where generic kinematic BCs were used: ). Overall, most studies adopted the practice to apply Neumann BCs on the endocardial surface and to constrain basal out-of-plane motion by constraining the basal nodes not to move along the basal surface's normal direction (be it using an exact or penaltymethod based Dirichlet BC). The former practice accounts for the hemodynamic pressures within the ventricles during the cardiac cycle whereas the latter practice is often justified by the anatomical presence of relatively rigid fibrous tissue in which the atrioventricular valves are embedded.
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When considering the basal surface some studies completely constrain all degrees of freedom (DOFs) of all basal nodes [17, 30, 32, 35] , of all nodes on the inner and outer basal endo-and epicardial rings [29] , or the basal epicardial ring only [15, 39] . Others constrained nodes in the basal plane's circumferential direction, being it all basal nodes [26, 31] or just the nodes on the basal epicardial ring [21, 23, 28] . Another strategy to restrict free body rotation of the model relied on fixing two different nodes A and B on the basal surface in one and two in-plane directions, respectively [24, 33] . Weaker alternative boundary conditions entailed constraining the average translation and rotation of the basal nodes [34] or incorporating linear springs that attached the basal endocardial nodes (the so called 'valve vertices') to their reference position [20, 27, 38] . Tuning the stiffness values of these springs allowed for a small movement of the (absent) valves. Other studies [16, 23, 25 ] incorporated a Robin-type boundary condition, which translates to applying traction to penalize excessive displacements (elastic constraint) and excessive displacement rates (viscoelastic constraint). The few studies that account for the pericardium, the conical sac of fibrous tissue surrounding the heart, introduced additional kinematic BCs on the ventricular epicardial surface. These epicardial BCs range from constraining the epicardium not to move along the surface normal [22] or in the circumferential direction [37] to elastic constraints [40, 46] , viscoelastic constraints [22] or both elastic and viscoelastic constraints (Robin-type BCs) [42] . A few studies also constrained the movement of the apex, in all directions [15, 23, 43] or only in the lateral directions [19] . Table 1 gives an overview of the variety in BCs we found in the studies considered.
In this study, we selected 5 different kinematic BCs cases to compare, which are discussed in more detail in §3.2.
Methods
In vivo imaging data were used to segment a subject-specific biventricular geometry and also to quantify the in vivo strains, which were quantitatively compared against the in silico strains of multiple BC cases.
First, we discuss the in vivo imaging analysis performed to evaluate the in vivo strains and to segment the patient-specific ventricular geometry for the finite element models to be computed in the Abaqus FEA solver (Dassault Systèmes Simulia Corp, Johnston RI, USA). Next, the studied kinematic boundary condition cases are discussed, followed by the hemodynamic pressure loading conditions that incorporated the changing blood volume loads endured by the ventricles during the cardiac cycle. The fourth section focuses on the incorporation of realistic cardiac tissue behavior by implementing an This article is protected by copyright. All rights reserved.
intricate myofiber architecture in combination with passive and active tissue behavior using constitutive models with parameters tuned to the considered patient. The final methods section discusses the metrics used to compare the in-silico results of the different cases reciprocally and with the in vivo measured myocardial strain distributions.
In vivo imaging analysis
The images were acquired from a healthy 39-year-old male (weight: 81.65 kg, height: 1.85m, heart rate upon acquisition 71bpm) who underwent magnetic resonance imaging (MRI) with Spatial Modulation of Magnetization (SPAMM). Twenty short axis and 6 long axis images at 22 discrete time points during one heart cycle were collected. This 4D tagged MRI (TMRI) data was provided under a Creative Commons ANC Use Agreement on the SimTK platform [32] . The short-axis MRI slices had an in-plane resolution of 1.1x1.1mm with a 5mm slice thickness and two series of tags, forming an orthogonal grid caused by the modulation of the magnetization gradient at the onset of systolic contraction. The long-axis MRI slices had a resolution of 1.1x1.1mm and were oriented circumferentially at an interval of 30° around the LV. They contained one series of tags orthogonal to the ventricular long axis. The imposed grid's tag spacing was 6mm in both short-and long-axis images.
Quantification of myocardial strain
The systolic regional strains in the LV wall of each subject were computed from the tagged MR images using the Segment software (Medviso; Lund, Sweden). We started by manually segmenting the endoand epicardial walls of the LV myocardium and defining the segmental model as described in [47] .
Then, each contour (with a total of 5 concentric contours through the wall thickness) is automatically propagated throughout the entire sequence through a non-rigid image registration approach. In detail, the image registration algorithm uses an iterative strategy to estimate dense inter-frame displacement maps modeled through a B-spline tensor product transform, posteriorly applying these dense maps to estimate the specific displacement value of each contour position. In order to increase the tracking method's robustness to image artifacts or noise, the spatial and temporal information of the entire cardiac sequence are taken into account at once [48] . Finally, the spatial differences between contours in each frame are used to compute the strain values as described in [49] . Short-axis and long-axis sequences were processed independently.
Subject-specific ventricular geometry
The subject-specific biventricular geometry was manually segmented in both the short-and long-axis TMRI images that correspond to the beginning of diastole, which was assumed to correspond to the relaxed (i.e. unloaded) configuration. This segmentation was done using the Mimics software This article is protected by copyright. All rights reserved.
(Materialise; Leuven, Belgium), the ventricular geometry was truncated right underneath the mitral valve, at the first proximal short axis slice where the papillary muscles showed up. The resulting endoand epicardial surfaces were imported into Simpleware's FE module to create a finite element mesh consisting of 30891 quadratic tetrahedral elements. The mesh density was chosen such that the myocardial walls consisted of multiple element layers through its depth (minimally 3 quadratic elements). Multiple elements throughout the wall thickness are needed to allow for a smooth transitioning of the fiber orientation field and to get detailed information on the transmural differences in tissue loading. To allow for regional comparisons between different model simulations, the LV was partitioned into the 17 American Heart Association (AHA) regions [47] . This partitioning system was extended to the right ventricle (RV) free wall, where we used the same longitudinal and circumferential divisions to introduce 5 regional partitions to the RV free wall, as illustrated in Figure   1 (right).
Kinematic boundary conditions
We investigated 5 different boundary conditions cases, for which we used two different kinds of constraints in the Abaqus FEA framework: exactly imposed Dirichlet BCs and continuum distributed coupling constraints. The latter couple the translation of a reference node to the average translation of a set of coupling nodes [50] . In the cases where we used continuum distributed coupling constraints, we added a reference node to the model located at the center of mass of the group of tobe-constrained nodes. This reference node was then fixed in all directions, which results in a zeroaverage translation and rotation of all coupled nodes, without constraining each of these nodes to translate or rotate individually.
In Table 2 the five studied BC cases are displayed. As can be seen from the table, in each case any longitudinal movement of the basal nodes was constrained. In case 1, we fixed all basal top surface nodes in the other two directions as well, similar to [17, 30, 32, 35] . In case 2, all DOFs of the nodes lying on the biventricular epicardial ring were fixed, in correspondence with [29, 37, 39, 51] . Instead of fixing all basal-epicardial nodes' DOFs, case 3 constrained the motion of these nodes to the translation and rotation of a fixed node located at the basal-epicardial edge's center of mass using the aforementioned continuum distributed coupling approach. This strategy indirectly constrained the epicardial base ring so it remained free to move in the top basal surface given that its averaged displacement with respect to the central reference node remained zero. Thus, relative displacements between the constrained nodes individually were allowed. Case 2 and 3 embodied the influence of the pericardial stiffness on the base. In case 4, we constrained all nodes that sit on the basal LV endocardial ring in all directions, which is different from [29] where both the basal endo-and epicardial ring were fixed in all directions. In case 5, the surrounding tissue constraining the ventricles was approximated by defining a continuum distributed coupling constraint of all basal LV endocardial nodes to a fixed node located at the center of mass of the basal LV endocardial ring, similar to case 3 for the basal epicardial ring. Case 4 and 5 encompassed two different methods to incorporate the effect of the fibrous structure around the valves into the ventricular behavior. Different from elastic constraints using a soft penalty-based method to impose displacement boundary conditions [22] or spring-like elements [20, 27, 40, 42, 46] , the continuum distributed coupling constraint used in this study does not call for the tuning of a soft penalty or spring stiffness value. The continuum distributed coupling constraint relates more to the BCs imposed to the ventricular model in [34] , but instead of constraining all the basal nodes, case 3 and 5 only constrained the average translation and rotation of the epi-and endo-cardial ring respectively. Consequently, both case 3, 4 and 5 can be considered newly proposed kinematic BCs.
Hemodynamic pressure loading conditions
To incorporate the load experienced by the heart to pump blood through the systemic or pulmonary arterial systems, we set up the open looped lumped parameter circulatory model depicted in Figure   2 . We chose to mathematically describe both arterial system's afterloads with 3-element Windkessel models, in which and represent the characteristic impedance of the proximal aorta and pulmonary artery, and defines the peripheral arterial and pulmonary resistance and and represent the arterial and pulmonary arterial systems' compliances. These afterload Windkessel models were coupled to the LV and RV cavities of our patient-specific biventricular mechanical model and provide realistic hemodynamic loading conditions so that both ventricles experience a dynamic afterload during ejection. 
Cardiac tissue behavior
The heart's structural architecture defines its function, so to study its mechanical behavior computational models need to numerically portray the internal architecture appropriately. In addition to determining boundary conditions (focus of this study), establishing an appropriate model requires the description of the geometry (ex supra), the underlying fiber arrangement of the myocardium and an anisotropic material description (including active and passive components). The material description requires calibration in order to capture the patient-specific functional performance (i.e.
end diastolic volume, stroke volume, ejection fraction, etc.). Here we detail each of these steps.
Myocardial muscle fiber orientation
Cardiac tissue has a highly anisotropic micro-structure governed by the complex hierarchical architecture of biological fibrous components. The principal component, the grouped arrangement of myocytes (often referred to as myofibers), has a complex arrangement throughout the heart that is considered critical for the successful transduction of the one-dimensional description of individual cardiac cell behavior, both electrically and mechanically, to the overall pumping function of the heart [53-56]. Many cardiac disorders or events, e.g. cardiac infarction and myocardial fibrosis, lead to myofiber misalignments, which eventually evolve to further disorganization and subsequent impairment of proper heart function [52, 57] . Today, two methods are commonly used to describe the myofiber orientations in patient-specific ventricular models: diffusion tensor magnetic resonance imaging (DTMRI) and rule-based reconstructions. Although DTMRI approaches are considered ideal to describe patient-specific myofiber architecture, its use is limited due to the challenges of in vivo cardiac DTMRI acquisition and the limited spatial resolution of these scans. Rule-based algorithms, on the other hand, construct dense fiber orientation fields based on interpolation functions, which have recently been cast into boundary value problems [58] [59] [60] . In these boundary value problems, a fiber orientation field, based on observations from histology and DTMRI [61] [62] [63] [64] [65] , is prescribed on the endocardial and epicardial surfaces after which the local fiber orientation distribution is solved throughout the structure. Due to the aforementioned reasons and the typical unavailability of DTMRI data in standard clinical practice, we chose to implement Bayer et al.'s Laplace-Dirichlet Rule-Based (LDRB) algorithm [59, 60] in which the myofibers' helical angle varies transmurally from -41° in the sub-epicardium, the outer wall, to +66° in the sub-endocardium, the inner wall [66] , see Figure 3 . The same algorithm was used to establish a local cylindrical coordinate system in each element, which was used for deducing local strains in the radial, circumferential and longitudinal directions respectively (ex supra).
Constitutive modeling
Cardiac tissue possesses a highly anisotropic microstructure and consequently the constitutive material model must inherently account for this. Mechanically, we can split the tissue's total stress response in the fiber direction into a passive and an active contribution [56] :
Given that biaxial investigations on actively contracting rabbit myocardium revealed significant crossfiber stress development that could not be completely attributed to fiber dispersion or deformation effects [67] , a proportion (scaled by , a scalar value less than 1.0, which describes the interaction between the adjacent muscle fibers) of the active stress developed in the fiber direction is transferred onto the stress in sheet direction:
This interaction has an influence on both the total contractility of the chambers and the amount of twist developed in the chamber during the cardiac cycle.
Passive tissue behavior
The passive cardiac tissue behavior has been studied extensively and multiple constitutive 
with the constitutive parameters described in Table 3 . The and terms often get recalibrated based on new in vitro biaxial and shear stress-strain experiments, optionally complemented with in vivo stress-strain data captured from magnetic resonance electrography or TMRI.
Active tissue behavior
Following [56] , we assumed that the active stress distribution is entirely anisotropic. As in a previous work [73] , we incorporated the time-varying elastance model by [16] which accounts for the FrankStarling effect (i.e., the intrinsic property of myocardium by which the strength of the heart's systolic contraction is directly proportional to its diastolic expansion [74] ) by an imposed active stress response's dependence on regional sarcomere lengths. This led to the following active stress in the cardiac myofiber direction: 
with the constitutive parameters defined in Table 3 . The choice for the given time-varying elastance model ensured a smooth yet steep transition from zero to peak active tension at time 0 followed by a smooth decline back to zero for the specified relaxation time [73] . Given that the tissue's active response is dependent on the cardiac cell's action potential (dependence on 0 ), we assumed a homogeneous action potential pulse throughout the whole biventricular model which varies from -80 mV to 20 mV to -80mV over 200ms.
Constitutive parameter calibration
The material parameters a, b, af, bf, as, bs, afs, bfs were found through optimization techniques. Initial values were taken from Sack et al. (2018) [75] , whereby we identified material parameters that replicated the experimental triaxial shear data of normal human myocardium [35] . To adapt these material parameters to our patient-specific case, and to minimize any potentially unrealistic stiffening effects resulting from ex vivo tissue preparation, "scaling" was needed. Here, linear (a, af, as and afs) and exponential (b, bf, bs, bfs) terms were subject to uniform scaling by parameters A and B, a scalar and an exponential multiplier, respectively. These were found by minimizing the error between the in silico diastolic pressure-volume (PV) relation and the analytical Klotz curve [76] , which is capable to describe the end-diastolic PV relation of the normal and diseased ventricle. Material parameters were calibrated using Abaqus as the forward solver and an in-house Python script containing the sequential This article is protected by copyright. All rights reserved.
least squares programming (SLSQP) optimization algorithm [77] . This resulted in passive parameters that enable the LV to be loaded from the initial LV volume V0 until the end-diastolic volume (EDV) was reached at the specified EDP (a = 0.0943 kPa, b = 5.874, af = 0.311(kPa), bf = 11.271, as = 0.0431(kPa), bs = 9.772, afs =0.0254(kPa), and bfs =2.405). Once passive parameters were found, the active parameter Tmax was identified (Tmax = 71.08 kPa) by minimizing the error between predicted and specified stroke volume and assuming that 25% of active tension was transferred in the sheet direction (i.e. ns = 0.25). To minimize the error between the in silico diastolic PV relation and the analytical Klotz curve, a choice for one specific kinematic boundary condition case had to be made prior to the actual comparison of the different boundary condition cases. Based on the registered diastolic tissue displacement from the LV top basal short axis 4DTMRI image slice (ex infra: Figure 5 ), it was seen that the full septal wall deforms freely which qualitatively encourages a choice for boundary condition case 3 or 5. Here, we chose to use BC case 5 to tune the constitutive parameters because this BC case follows the classic reasoning of a stiffer annular tissue around the aortic valve more and it is a boundary condition that can also be applied to LV models.
Experimental design
The aforementioned boundary condition cases led to five ventricular cardiac cycle simulations run in Abaqus, where all conditions (e.g. geometry, myofiber orientation field, hemodynamic loading conditions, constitutive parameters) were kept constant except for the kinematic boundary conditions themselves. The corresponding FEA results were subsequently post-processed so we could rigorously compare regional systolic strain distributions with the processed in vivo TMRI results for validation purposes. Apart from a qualitative regional comparison of systolic strain distributions, we quantitatively compared in silico versus in vivo results in terms of Cohen's d size effect, which expresses the standardized difference between each case's systolic strains and the TMRI results as follows:
where ε G is the Green-Lagrangian strain, stands for the considered AHA region (given that the TMRI tissue-tracking algorithm only gave us access to the LV systolic strains we could only compare AHA regions 1 to 16 shown in Figure) , is the considered boundary condition case and SD * stands for the pooled standard deviation
where is the amount of systolic strain measurements and SD the standard deviation. These in silico and in vivo Green-Lagrangian strains were compared in the circumferential direction due to the TMRI's the highest intrinsic tag density resolution in this direction.
Subsequently, we compared the effects that different mechanical boundary conditions had on global cavity metrics (such as pressure-volume loops, stroke volumes and ejection fractions) and both the global and regional stress and strain distributions. We performed one-way analyses of variance (ANOVA) on the regional strain distributions to determine whether there are any statistically significant differences between the means of the different cases. Given that Green-Lagrangian strain is a 3D-tensor, we conducted these one-way ANOVA tests on a strain invariant, the maximum principal strain, in each region. Next, we performed post hoc paired t-tests to localize statistically significant strain differences between the different cases specifically.
Results

In vivo strain analysis
Regional systolic strains (radial and circumferential) derived from imaging analysis are depicted in 
Model validation
The systolic strains in the myofiber directions are depicted in Figure 6 for all 5 cases. Although the differences in strain between the models might seem minimal, they are quite substantial in the basal zones. Note for example the smaller contractile strains in case 1 and case 4 compared to case 2, 3 and 5 in the basal region or the differences in RV wall strain across all cases. Given the superior intrinsic tag density (ex infra) and the most confined strain variance (see Figure 4) in the circumferential direction, the in silico results were validated by comparing the systolic circumferential FEA and TMRI strains. Overall, these computed regional systolic strains were in good agreement with the in vivo TMRI strains (as shown in Figure 7 for case 5). The standardized difference between the cases is expressed in terms of Cohen's d size effect (ex infra) in Figure 8 . Cases 2, 3 and 5 resulted in the best match with the in vivo measured strains, with an average absolute mean difference of approximately 0.55 times the pooled standard deviation. These cases all have smaller differences between numerical and in vivo results in the basal regions. When we discard the basal results, the differences do not significantly favor one case over another.
Comparison of BC cases
The effect of the boundary conditions was also quantified by examining the differences in global cavity metrics (pressure-volume loops, stroke volume and ejection fractions) and regional strain variations. The case-to-case variance in end-diastolic maximum principal strain is shown in Figure 10 . Regional case-to-case diastolic strain variances in both the circumferential and radial direction are shown in Figure 11 . The overall diastolic circumferential and radial strains are positive and negative respectively.
The most obvious discrepancies in diastolic strains across the different BC strategies were noticed in both the left and right ventricular basal zones. In the mid and apical zones, i.e. further away from the This article is protected by copyright. All rights reserved.
different BCs on the FE model's basal top surface, the discrepancies between the different cases diminishes. Based on the ANOVA tests on the inter-case differences between the maximal principal strains, statistically significant (p < 0.01) strain differences were found in most AHA regions except for AHA region 3, 11, 12, 13, 16, 17, 21 and 22 (see Figure 10 ). Along the LV's longitudinal axis, 7 out of 8 basal regions, 5 out of 8 mid regions and 3 out of 8 apical regions showed significant regional strain differences between cases. Subsequent post hoc paired t-tests localized statistically significant regional strain differences in case-by-case comparisons (see appendix Figure 12 ). In the LV basal anteroseptal region, for example, all cases disclose statistically significant strain differences except for case 3 compared to case 5. Conversely, the RV mid anterior AHA segment only features statistically significant differences between case 3-4 and case 4-5. Overall, both the LV and RV basal zones show more statistical case-to-case differences in strain magnitude than the mid and apical zones.
Discussion
This study depicts a workflow that is adequate and clinically manageable with the current technology to deliver a predictive patient-specific in silico ventricular model, that compares relatively well with literature and in vivo recorded strains. These methods establish a baseline that can easily be extended to enable research on pathophysiology, optimization of cardiac procedures and/or devices, for diagnostic evaluation and even to investigate the fundamentals of healthy cardiac physiology. Given the known influence of RV deformation on the LV [37, 78], both ventricles should be considered.
Functionally, all cases led to ejection fractions in the lower normal range for healthy humans [32, 79] .
However, the traditional method of validating myocardial models only by comparing the LV enddiastolic volumes has been proven to be insufficient [43] . Therefore, the in vivo reference biventricular behavior was conjointly studied by measuring the in vivo systolic regional strains using the Segment software suite, which lead to the 3540 circumferential and 2880 radial strains in the LV depicted in This article is protected by copyright. All rights reserved.
higher than the results we reported in this study, which may be related to the large patient variability in strain distributions. Additionally, our strategy computed circumferential strains along 5 concentric rings through the LV wall tissue instead of purely computing the midwall strain, which might affect the comparison with other literature data as well. Rigorous comparison of the computed systolic circumferential strains to in vivo measured regions showed reasonable agreement ( Figure 7 and Figure   8 ) with a total mean strain difference of 0.038 (strain means of AHA region vs corresponding TMRI region averaged over all regions over all cases). The agreement was particularly good for regions distal from the basal anchoring zone (total mean strain difference of 0.029). While in vivo imaging techniques often suffer from tag fading and low spatial resolution to measure reproducible strains in the RV [82] , our FE models produce these strains easily. This level of systematic strain analysis (i.e.
regional for both ventricles) at both end diastole and end systole (whereas Palit et al. (2017)[43] only studied diastolic distributions) is state-of-the-art and plays an important role for clinical decision making [83, 84] . The depicted regional strains in Figure 4 , Figure 6 , Figure 7 , Figure 10 and Figure 11 and the depicted regional strain differences in Figure 8 clearly show that averaging strain data over the whole ventricle would lead to an immense loss of information on local biomechanical behavior. The different boundary conditions which can be used in absence of image-derived motion proved to have substantial influence on the in silico functioning of the biventricular heart model, which was seen in both the global and regional parameters of cardiac function. Globally, the different BCs induced variance in the ventricular cavity metrics (see Figure 9 ), which are often used in clinical practice to describe their morphology and function. Functionally, we noticed inter-case ejection fraction differences up to 7%. In more detail, for the LV, constraining the circumferential and radial displacement of the basal layer (especially cases 1, 4 and to a lesser extent 2) leads to increased EDVs (63.2ml, 63.1 ml and 60.2 ml for case 1, 4 and 2 respectively vs. 58.7 and 58.7 ml for cases 3 and case 5 respectively). Moreover, this led to increased stroke volumes and ejection fractions (58.8 %, 54.5%
and 52.7% ejection fractions for cases 1, 4 and 2 respectively vs 51.5% and 51.8% for cases 3 and 5 respectively). Given that the same set of constitutive parameters resulted in different EDVs and ESVs showed that over constraining the basal cut plane influences the stiffness of the ventricular relaxation/contraction, a finding also noted by Quarteroni et al. (2017) [86] . For the RV, the boundary conditions affect the SV and EF less than for the LV. We, however, observe an opposite phenomenon for the RV compared to the LV; decreased limitations of basal motion (for the RV, this corresponds to cases 3, 4 and 5) resulted in higher, instead of lower, end diastolic volumes (EDVs of 113.0 ml and 118.0 ml were recorded for cases 1 and 2 respectively compared to EDVs for cases 3, 4 and 5 of 129.8 ml, 129.0 ml and 127.4 ml respectively). On a local scale, specific regional strain distributions were also found to be dependent on the chosen kinematic BCs. A case-to-case mechanical comparison of end diastolic strains produced a consistent measurement (based on the same reference geometry for all cases). Again, the most statistically significant differences between cases were recorded in the basal zone. Except for the inferoseptal zone, any other basal zone of both the left and right ventricle proved to deform in at least one case statistically significantly different from another case (7 out of 8 regions).
Comparing this to the mid, apical and apex zones (5 out of 8, 2 out of 4 and 0 out of 2 zones respectively statistically significantly different), we can conclude that the most profound effect of the BC on localized strain distributions can be found at the base with diminishing influence towards the apex where no significant differences were found. Post-hoc t-tests ( Figure 12 ) allowed pair-wise regional comparisons between the different cases but did not reveal significant similarities between any two specific cases.
Regional standardized differences in systolic circumferential strains between the measured in vivo strains and each boundary condition case respectively (see Figure 8 ) suggested case 2, case 3 and case 5 to correspond better to in vivo measurements than case 1 and 4. In global strain measures, case 3 and case 5 seem to equally correspond best to in vivo measurements (global systolic circumferential discrepancy between TMRI and case 3 and 5 amounted to 0.034 ± 0.093 and 0.034 ± 0.097 respectively whereas for case 2, 4 and 1 this amounted to 0.040 ± 0.092, 0.044 ± 0.102 and 0.045 ± 0.092 respectively. In a like manner, the interpolated movement of the epicardial ring seen in the top basal slice of the TMRI short axis data (see Figure 5 ) showed relative motion in the basal plane. These results suggest that case 1, 2 and 4 are too strict and lead to non-physiological stresses, strains and pressure in the tissue. Given the differences seen in global and local metrics describing the mechanics of the heart, the relevance of using appropriate mechanical boundary conditions is clearly brought forward.
The fundamental utility of cardiac modeling lies in its prognostic power to assess the patient-specific outcome for a specific therapy. Acute, image-derived BCs inherently don't accommodate for changes in mechanical environment upon performing (virtual) surgeries or (virtually) implanting a device. To meet the goal of tailored or patient-specific treatment planning, generic kinematic BCs should be proposed that are adaptive and independent from the availability of detailed imaging data, which is not a given in a clinical setting. This study shows that different approaches to incorporate the effect of surrounding tissue through different kinematic BCs affect the reliability of the numerical results. As interest in using numerical simulations to assist in the approval of new therapies grows (e.g. Stewart et al. (2012) [87] ), the need to properly validate numerical models is critical. Proper validation of methods and subsequent models will require interdisciplinary efforts and high quality experimental data, which may be difficult to obtain. It is therefore important that these efforts are coupled with studies that quantify model assumptions and their effects. By comparing the results to in vivo imaging data, we showed that artificially constraining all degrees of freedom of all (or a subset) of basal nodes is unrealistic and should be substituted by constraining these nodes' average motion.
Limitations
First, suboptimal long-axis TMRI data and the lower tag density in the radial direction led to a large variation in measured systolic strains in both longitudinal and radial directions (also seen in previous studies [21, 88] ) due to which only the in vivo circumferential strains could be used for validation purposes. Second, the used acquisition and estimation motion and deformation tracking method does not account for out-of-plane motion which could lead to discrepancies with the FEA computed systolic strains, similar to [21, 89] ). To study the effect of out-of-plane motion on the strain results, which is considered beyond the scope of this study, synthetic MR imaging sequences should be built from the finite element electromechanical ground-truth model (e.g. [90] ) and subsequently processed with the used motion tracking algorithm to study its performance. Future work should focus on collecting higher quality image data and inclusion of appropriate tracking algorithms so we could assess right ventricular deformation as well). Higher quality image data would also allow us to use image-derived boundary conditions upon calibrating the material properties, which would not favor the pressurevolume loop of any specific boundary condition to match the reference data better than another (which explains why we did not compare the in silico and in vivo pressure-volume relationship or any other PV-derived cavity metrics to deem any boundary condition case more appropriate than another in this study). Nevertheless, the TMRI analysis resulted in realistic strain results in all directions. The lumped circulatory model used in this study relies on a simplified, outflow-only representation. Even though it would not influence the comparison of different BCs in this study, further studies could include more complex representations to model more realistic flow conditions and multiple cardiac cycles. Apart from the top basal boundary conditions, our modeling strategy did not include any other constraints on the ventricular motion. Even though it is common practice in cardiac patient-specific studies to assume that the pericardial boundary energy is negligible [91] , some studies (e.g. [27, 43]) introduced additional boundary conditions to mimic the heart's enclosure in the pericardial sac. While additional BC cases, such as Robin-type BCs, would have been interesting to explore, they present a much larger subsection of BCs that require additional parameter identifications (elastic and viscoelastic stiffness tuning). The variety in Robin-type BC stiffness parameters in [27, 38, 40-42, 45, This article is protected by copyright. All rights reserved.
92] shows the difficulty to set up a single Robin-type BC case to compare to the other BC cases.
Therefore, these (visco) elastic BCs were excluded from the comparison and the study remained focused on pure kinematic BCs only. Future work would benefit from exploring Robin-type BCs further as an alternative formulation. These pericardial constraints limit the global radial body motion of the ventricle but do not impact the global volume or pressure evolution, thus have no effect on the diastolic filling and systolic contraction behavior shown in Figure 9 . The local case-to-case strain discrepancies, extensively compared in this study, are not affected by discarding this constraint either.
Similarly, the use of a rule-based myofiber aggregate structure instead of the (clinically typically unavailable) DTMRI-derived patient-specific myofiber architecture description [37, 93] and the assumption that the heart is in an initial stress-free state at end diastole [94] [95] [96] is expected to induce a consistent global mismatch in stress and strain throughout all cases. However, it will not influence the individual discrepancies across cases and therefore not alter the conclusions drawn from the study.
Conclusion
The ongoing advancements in cardiac modeling provide the clinician and researcher with otherwise immeasurable measures on cardiac function such as local strains and stresses, tissue stiffness and contractility. Given that these additional insights are to be used for diagnosis, prognosis and treatment planning, any inconsistency between model and reality should be minimized. This study reported statistically significant differences in global functioning and local strain distributions between different strategies to impose the influence of surrounding tissue. These differences show the importance of selecting appropriate boundary conditions for biventricular models to be used in clinical practice.
Based on this study's results, future ventricular models set up to obtain improved understanding of the physiology of human hearts should avoid an over-constrained basal boundary condition and allow for circumferential and radial tissue motion in the basal plane. Table 2 . Studied boundary condition cases. Each row defines complementary conditions to the conditions defined in the rows above. u_R, u_θ, u_Z denote (constrained) degrees of freedom in the radial, circumferential and longitudinal direction respectively. (u_R ) ̅ and (u_θ ) ̅ denote a continuum distributed coupling of the overall (constrained) motion of these nodes in the radial and circumferential direction respectively. This article is protected by copyright. All rights reserved. 
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Graphical Abstract
Given the large variation in non-image derived ventricular boundary conditions found in literature, this study assesses the effect that these mechanical constraints have on in silico ventricular functioning. Commonly used and newly proposed mechanical boundary conditions were applied on a calibrated and validated patient-specific biventricular model and both global and local predicted mechanical behavior was compared. Statistically significant and meaningful differences were found between different mechanical anchoring strategies, which brought forward the importance of selecting appropriate boundary conditions.
